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ABSTRACT The human ankle joint plays a critical role duringwalking and understanding the biomechanical
factors that govern ankle behavior and provides fundamental insight into normal and pathologically altered
gait. Previous researchers have comprehensively studied ankle joint kinetics and kinematics during many
biomechanical tasks, including locomotion; however, only recently have researchers been able to quantify
how the mechanical impedance of the ankle varies during walking. The mechanical impedance describes
the dynamic relationship between the joint position and the joint torque during perturbation, and is often
represented in terms of stiffness, damping, and inertia. The purpose of this short communication is to unify
the results of the first two studies measuring ankle mechanical impedance in the sagittal plane during walking,
where each study investigated differing regions of the gait cycle. Rouse et al. measured ankle impedance
from late loading response to terminal stance, where Lee et al. quantified ankle impedance from pre-swing
to early loading response. While stiffness component of impedance increases significantly as the stance
phase of walking progressed, the change in damping during the gait cycle is much less than the changes
observed in stiffness. In addition, both stiffness and damping remained low during the swing phase of walking.
Future work will focus on quantifying impedance during the ‘‘push off’’ region of stance phase, as well as
measurement of these properties in the coronal plane.
INDEX TERMS Human ankle, ankle impedance, ankle stiffness, ankle damping.
I. INTRODUCTION
Biped walking is mechanically unstable. Feedback control
may actually increase rather than decrease instability due
to the inherent time-delay in the neural close-loop control.
Stability might be achieved instead by controllingmechanical
impedance [1], [2]. We focused on measuring the mechanical
impedance of the ankle during walking because the ankle is
critical for propulsion, shock absorption, and balance dur-
ing standing and walking. The ankle is the largest source
of mechanical power during terminal stance [3]. The ankle
plantarflexors contribute as much as 50% of positive
mechanical work in a single stride to enable forward propul-
sion [4]. In pre-swing, ankle plantarflexors also act to advance
the leg into swing phase while promoting knee flexion at toe-
off [5]. Additionally, the ankle helps maintain body-weight
support during gait and balance [6], [7]. Finally, the ankle
dorsiflexor musculature helps absorb impact forces during
foot strike to enable controlled landing and foot-floor swing
clearance at toe off.
Extensive previous work estimating ankle impedance has
provided a rich characterization of these properties during sta-
tionary, non-moving conditions [8]–[14]. When investigated
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in the sagittal plane, ankle joint impedance has been shown to
vary with many factors, including mean ankle torque, ankle
position, perturbation amplitude, and muscle fatigue [8].
The research showed that modulation of these factors can
vary the stiffness component of impedance by up to three
orders of magnitude. Few studies have focused on charac-
terizing ankle impedance during non-stationary conditions,
which are more relevant to locomotion. These studies use
changes in ankle torque or position in combination with time-
varying system identification techniques to estimate ankle
impedance [15]–[17]. Rather than using a perturbation,
researchers have instead focused on measuring the instanta-
neous slope of the ankle’s torque-angle profile during loco-
motion, known as the ‘‘quasi-stiffness’’ [18], [19]. These
studies has provided important insight into how torque and
angle co-vary at a joint during locomotion [20]. However,
because the agonist and antagonist muscles that cross human
joints are capable of producing net-positive mechanical work,
joint torque and angle can be varied independently of joint
stiffness. Thus, there is no causal relationship between quasi-
stiffness and joint impedance [19], and these concepts are
decoupled. Ultimately, a perturbation is required to assess
the joint impedance that characterizes the underlying system
dynamics.
Themechanical impedance of the human ankle plays a crit-
ical role in locomotion, and has broad applications in assistive
technologies, such as robotic prostheses and exoskeletons, as
well as humanoid robotics [21]. For the first time, the pre-
vious studies have been merged to provide a comprehensive
representation of how joint impedance varies throughout the
entire gait cycle. Specifically, we have examined the work
of Lee and Hogan [24] and Rouse et al. [23] to charac-
terize ankle impedance from pre-swing to terminal stance.
The purpose of this study is to show how ankle impedance
varies throughout the gait cycle, and discuss the implications
of the results in the context of the whole gait cycle. This
study motivates many changes in the development of future
assistive technologies, as well as a new understanding of
neuromuscular pathologies, and the neural mechanisms that
underlie these disorders.
II. METHODS
Two different approaches were used to construct a trajectory
of ankle impedance modulation during walking. A mecha-
tronic platform and a wearable ankle robot were utilized
to quantify ankle impedance from late-loading response to
terminal stance phase and from pre-swing phase to early-
loading response, respectively (Fig. 1A). Brief descriptions
on each approach are as follows.
A. ANKLE IMPEDANCE ESTIMATION FROM
LATE-LOADING RESPONSE TO TERMINAL
STANCE PHASE
1) APPARATUS
Joint impedance was estimated using perturbations and
data recorded from a mechatronic platform, termed the
FIGURE 1. Two robotic platforms to estimate ankle impedance during
walking. A: From late-loading response to terminal stance phase, i.e,
when the foot was flat to the ground, ankle impedance was estimated by
a mechatronic platform, recessed into a walkway (B). From pre-swing
phase through the entire swing phase to early-loading response, i.e,
when the toe and/or heel were off the ground, ankle impedance was
estimated by a wearable ankle robot (C). B: The Perturberator robot was
comprised of a force platform coupled to a gear-motor that was
controlled by a servodrive and microcontroller. C: The Anklebot was
mounted onto the knee brace and its end-effectors were connected to a
rigid U-shaped bracket attached to the bottom of a shoe (left). The robot
was properly attached to the subjects’ right leg, and subjects were
instructed to walk on a treadmill with the robot (right).
Perturberator Robot (Fig. 1B), validated and previously
described in detail in [22]. The mechatronic platform was
comprised of a multi-axis force platform coupled to a gear-
motor that received position commands from a servodrive and
microcontroller. The mechatronic platform was recessed into
a walkway and the platform section of the robot was flush
with the walkway surface. The total length of the walkway
was 5.25 m.
2) EXPERIMENTAL PROTOCOL
Ten healthy, able-bodied subjects participated in this exper-
imental protocol. Subjects’ right ankles were instrumented
with an electrogoniometer that recorded ankle angle. Subjects
walked at a self-selected pace that ranged from 85 – 90 steps
per minute across the walkway that included the recessed
mechatronic platform. When subjects stepped on the mecha-
tronic platform, a 2.0◦ ramp perturbation was randomly
applied with a probability of 50% in either the dorsiflexion or
plantarflexion directions. The duration of the ramp part of the
perturbation was 75 ms. One hundred perturbation trials were
recorded at each timing point, and approximately 400 tri-
als were recorded where no perturbation occurred, totaling
approximately 800 walking trials. Subjects were encouraged
to rest after every 40 perturbation trials. Perturbations were
applied at four timing points, ranging from 20–70% of the
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stance phase of walking, chosen randomly during each trial.
The mid-stance region of stance phase was chosen because
it is a critical part of the gait cycle when the body is sup-
ported by a single leg. Additionally, during mid-stance, the
perturbation caused changes in the ankle’s angle, rather than
deformations of the mid-foot, improving the accuracy of our
estimation.
3) ESTIMATION METHODS
Data were low-pass filtered at 20 Hz and segmented to
include the 100 ms window beginning with the perturbation
onset. To obtain ankle torque, ground reaction force data
were resolved to the equivalent force-torque couple at the
ankle’s center of rotation. The ankle’s center of rotation was
identified from high-definition video obtained during the
experiment. A second-order model consisting of stiff-
ness, damping, and inertia was used to estimate ankle
impedance. The stiffness, damping, and inertia describe
the position, velocity, and acceleration dependent compo-
nents of response torque, respectively. Prior to estima-
tion, a bootstrapping procedure was used to provide a
more reliable estimate of the parameter variability. The
bootstrapping procedure involved included the following
steps: a random selection of 60% of the torque and
angle profiles from perturbed trials were chosen and aver-
aged. The mean non-perturbed torque and angle profile
(Fig. 2A black lines) was then subtracted from the mean of
the perturbed torque and angle profiles (Fig. 2A blue lines),
resulting in the profiles caused by the perturbation alone.
The joint impedance was then estimated from these resultant
profiles using the optimal least squares estimate [25], with a
constraint that the estimated parameters be greater than zero.
This process was repeated one hundred times for each per-
turbation direction and time point. In summary, the purpose
of the bootstrapping procedure was to remove the torque and
angle changes that occurred simply as a result of walking,
while preserving the variability of the parameter estimates
that were subsequently obtained.
The aforementioned methods that were used to estimate
ankle impedance during locomotion were previously vali-
dated and shown to provide highly accurate estimates of
ankle stiffness [24]. The stiffness of a passive prosthetic foot
was estimated during locomotion at four time points and
compared to values obtained independently using a materials
testing machine. The stiffness component of impedance was
shown to be accurate within 5% on average during walking.
A correction has been applied to the data from [23], which
updated the inertia estimates. The stiffness and damping val-
ues did not change significantly, however, the data presented
here reflect the updated values.
B. ANKLE IMPEDANCE ESTIMATION FROM PRE-SWING
PHASE TO EARLY-LOADING RESPONSE
1) APPARATUS
A wearable ankle robot, Anklebot, was used to estimate
ankle impedance from pre-swing phase before toe-off to
FIGURE 2. Samples of inputs and outputs for the estimation of ankle
impedance. A: Data during the analysis window (100 ms) from the
Perturberator Robot. Time window begins with onset of the perturbation.
Black: non-perturbed, Blue: perturbed. B: Sampled measurements from
the Anklebot (3 gait cycles). Random torque inputs (top) and the
corresponding angles (black curve – blue curve; bottom). The
blue curve is the nominal angle trajectory. Only the data in
the shaded region (from pre-swing phase to early-loading
response) were used. Red bars represent heel-strike.
early-loading response right after heel-strike. The robot was
designed to have very low intrinsic mechanical impedance at
the interaction port, i.e, the ankle [11]. This made possible
highly back-drivable operations, allowing subjects to have
movements with minimal resistance. The robot was mounted
onto the knee brace and its end-effectors were connected to a
rigid U-shaped bracket attached to the bottom of a shoe.
2) EXPERIMENTAL PROTOCOL
Thirteen healthy, able-bodied subjects participated in this
experimental protocol. The robot was properly attached to
the subjects’ dominant leg, and subjects were instructed
to walk on a treadmill to familiarize themselves with the
experimental setup and select their preferred walking speed.
In a main experiment, subjects walked with the Anklebot on a
treadmill for 13 minutes while the robot continuously applied
mild random torque perturbations (band-limited white noise
with stop frequency 100 Hz) to the ankle. The magnitude
of perturbations was determined low enough not to disturb
normal walking but strong enough to perturb the ankle.
The resulting ankle displacements due to the mild perturba-
tions were 1.6◦ (root-mean-square value) and −4.1◦ −3.9◦
(peak-to-peak value; negative and positive denote
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plantarflexion and dorsiflexion, respectively) when averaged
across subjects.
3) ESTIMATION METHODS
Ankle impedance was estimated based on ensemble-based
linear time-varying system identification. This is an effective
and robust system identification technique when repetitive
and periodic data are available. In this study, more than
500 realizations for ensemble sets were generated from
human walking, where each realization was defined by a gait
cycle that begins with heel-strike of one foot and ends with
another heel-strike of the same foot. Input and output ensem-
ble sets contain torque perturbations (Fig. 2B top) and the
resulting ankle displacements (Fig. 2B bottom), respectively.
By applying correlation-based system identification
approach [17] to the ensemble sets, measured dynamics were
estimated along the time axis (at 2 ms intervals) in the form
of finite impulse response functions (IRF). The IRF estimates
were further approximated by second ordermodels consisting
of inertia, damping, and stiffness. Finally, ankle parameters
(IAnkle, BAnkle, KAnkle) were obtained by compensating actu-
ator dynamics. As the ankle and the robot share the same
displacement, ankle impedance was calculated by subtracting
impedance of the robot (also approximated as a second order
model consisting of inertia, damping, and stiffness) from the
measured impedance [9]. While impedance was estimated
every 2 ms, representative ankle parameters were calculated
at five sub-gait phases, ranging from 0−10% (early-loading
response: ELR), 50−60% (pre-swing phase: PSW), 60−73%
(initial swing phase: ISW), 74−86% (mid-swing phase:
MSW), and 87−100% (terminal swing phase: TSW) of the
gait cycle by averaging estimated parameters within each
sub-gait phase into single values. Detailed descriptions of the
methods and validation are provided in [22].
III. RESULTS
A. ANKLE IMPEDANCE MODULATION
ACROSS A GAIT CYCLE
Based on the aforementioned two methods, ankle impedance
was estimated for the whole gait cycle. Time-varying ankle
stiffness and damping were summarized at nine timing points
(Fig. 3). First, ankle stiffness linearly increased from loading
response to terminal stance; the correlation coefficient (r)
between the gait phase and the corresponding ankle stiff-
ness was 0.998. Ankle stiffness substantially decreased at
the end of the stance phase, remained relatively constant
through the entire swing phase, and increased again around
heel-strike (Fig. 3A). Stiffness in the swing phase was com-
parable with results from a previous steady-state study of
matched muscle activation [10]. The change in damping dur-
ing the gait cycle is much less than the changes observed in
stiffness (Fig. 3B) – stiffness: 0.35–6.42 Nm/rad/kg, damp-
ing: 0.010–0.024 Nms/rad/kg. The inertia estimates were
different depending on the measurement methods. Inertia
estimates by the Anklebot were rather invariant throughout
the gait phase around 0.008 kgm2, consistent with previous
FIGURE 3. Time-varying ankle mechanical impedance during walking.
Ankle stiffness and damping were summarized at nine timing points. The
stance and swing phases account for approximately 60% and 40% of the
gait cycle. Ankle stiffness (A) and damping (B) were normalized by
bodyweight. Red and blue colors denote results from the Perturberator
Robot and Anklebot, respectively. Dashed black lines indicate the regions
where no results were available. Asterisks and error bars denote the
mean and standard error, respectively.
findings [26], [27]. Although also generally invariant
throughout the gait cycle, inertia estimates by the Perturber-
ator Robot were approximately 0.027 kgm2, differing by a
factor of three. This is likely a result of residual inertia of the
mechanism structure and other coupled body segments.
The quality of estimation by second order models was
demonstrated by high percentage variance accounted for
(%VAF) between measurements and estimates by the mod-
els. When averaged across subjects and timing points from
late-loading response to terminal stance phase, the %VAF
between torque measurements and estimates by second order
models was 92±6.3% (mean±standard deviation). For tim-
ing points from pre-swing phase to early-loading response,
the %VAF between angle measurements and predicted out-
puts by input torques and estimated second order models
was 85.7±4.5%.
IV. DISCUSSION
For the first time, we were able to provide an estimate of the
ankle impedance in the sagittal plane during the complete
gait cycle. We demonstrated that the stiffness and damping
do not remain constant. Especially, stiffness increases from
heel strike to terminal stance, remaining low during the swing
phase. This modulation of ankle mechanical impedance par-
allels functional need to prevent foot slap following heel
strike, increase stability demands during stance andmetabolic
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savings during the swing phase. It goes beyond coarse cor-
relations between anthropometric measures with intrinsic
ankle [28] or prior studies showing that humans adjust leg
stiffness to accommodate surface changes [29]. We specu-
late that proper modulation of ankle impedance is part of
the learning process of human biped walking and it is an
important aspect when assessing neurological deficits, aging,
and determining proper therapeutic interventions as well as
designing prosthetics.
This study highlights the need to incorporate joint
impedance in the design of future wearable robotic tech-
nologies, including prostheses and exoskeletons. Histori-
cally, the development of wearable robotic technologies has
only used the torques and angles of lower limb joints to
define the design criteria, and accompanying metrics of
success [30]–[32]. However, the present study demonstrates
that joint impedance is also regulated during gait, and must be
included in the future design and control of wearable robotic
systems that can truly mimic the system dynamics of the
healthy neuromuscular system. The impedance control law
proposed in Rouse et al. has been implemented in a robotic
prosthetic leg, which led to more natural locomotor behavior
in amputees [33]. Additionally, a quasi-passive prosthetic
ankle has been developed that can provide the natural joint
impedance relationship during gait [34], which will be soon
be tested in amputees.
Because impedance is at the interface between the neural
controller and the world, we further speculate that inap-
propriate impedance may interfere with neuro-recovery pro-
cess. One implication of our working model is that restoring
appropriate impedance occurs concurrently with recovery.
In a preliminary study Krebs and colleagues found that
the ankle quasi-stiffness of neurologically impaired subjects
was significantly different from that of age-matched healthy
subjects [28], [35]. They also found that seated (‘open-
chain’) robot-aided therapy successfully resolved this abnor-
mality and—most important—this therapy resulted in a 20%
improvement of over-ground walking speed [36]. The iden-
tification techniques described here will allow rehabilitation
therapy to be targeted toward the specific deficits in the
mechanical impedance and its modulation that each individ-
ual exhibits. We will alter the adaptive algorithm developed
in 2003 to compensate also for impedance abnormalities [37].
It will include time-varying impedance that depends on arm
reaching or gait phase and aims to normalize the patient’s
impedance with respect to unimpaired impedance (suitably
scaled).
While the stiffness and quasi-stiffness are distinct entities
in general [19], linearly increasing stiffness from loading
response to terminal stance in this study are remarkably sim-
ilar to those from the slope of the ankle’s torque-angle pro-
file [23], which was not previously known. However, despite
their similarmagnitudes, the joint stiffness and quasi-stiffness
have different meanings and, therefore also different inter-
pretations. Moreover, we do not yet know if these proper-
ties are similar for other joints or regions of the gait cycle.
Future work will focus on potential mechanisms that underlie
this behavior.
The methods used to identify ankle impedance rely on sev-
eral assumptions. Most notably, the identification procedures
assume a linear, time-invariant behavior of the ankle within
a short period of time; the procedure with the Perturberator
Robot used data within the 100 ms window beginning with
the perturbation onset, and the procedure with the Anklebot
used data within the 40 ms window for IRF estimation [22].
Furthermore, the system structure was assumed to be sec-
ond order, consisting of stiffness, damping and inertia. The
rationale for this assumption was based on previous findings
that the human ankle was accurately described as a second
order system over a wide range of ankle positions and mus-
cle activation [8], [10]. Even with these assumptions, the
methods were valid under the given experimental conditions,
supported by the high %VAF between measurements and
predicted outputs across the gait cycle.
This study used two distinct approaches to complete a
trajectory of ankle impedance modulation throughout the gait
cycle. To estimate ankle impedance, we should apply external
energy to the ankle and analyze the corresponding responses.
In the entire swing phase and when the toe or heel were off
the ground, a wearable device is proper to provide accurately
controlled perturbations to the ankle. However, when weight
bearing is substantial during stance phase, i.e., when the foot
was flat to the ground, a wearable device is less desirable.
Due to high weight bearing, mild perturbations are not strong
enough for the purpose of identification. Strong perturbations
from the wearable device are not desirable either; they will
significantly change the normal gait or may cause slippage at
the interface of the lower-limb and the device. On the other
hand, a robotic platform recessed into a walkway can pro-
vide strong perturbations to the ankle without disturbing the
normal gait. However, this approach can be used only when
solid contact exists between the foot and the device. Thus,
we would argue that the current best practice to estimate
ankle impedance across the full gait-cycle could be achieved
through the combination of two distinct experimental setups:
a wearable ankle device and an instrumented walkway.
It is important to discuss the effects of the added mass on
gait. The Anklebot used in this study weighs 3.6 kg [11].
However it is important to note that the robot is not mounted
at the ankle, but mounted proximally to the leg and anterior to
the shank to minimize perception of loading [38]. We further
examined the effects of asymmetric or unilateral loading
of the limb during task-oriented gait in adults both healthy
and stroke (9 chronic stroke patients) [39]. Specifically, we
sought to assess the effects of the added inertia and fric-
tion of unpowered ankle robot on gait parameters, interlimb
symmetry, and lower extremity joint kinematics. In summary,
our results demonstrated that the added inertia anterior to the
shank (above knee) had no statistically significant effect on
spatiotemporal parameters of gait, including paretic and non-
paretic step time and stance percentage, in both overground
and treadmill conditions. Noteworthy, interlimb symmetry as
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characterized by relative stance duration was greater on the
treadmill than overground regardless of loading conditions.
The current study utilized a treadmill in estimating ankle
impedance from pre-swing phase to early-loading response.
The primary reason for this is to minimize the duration of the
experiment in a limited space. We collected more than 500
gait cycles in 15 minutes of treadmill walking. In fact, it is
possible to extend the current study to overground walking.
One recent study has demonstrated that the Anklebot could
be well used for overground walking [40]. Since dynamics of
treadmill walking may be significantly different from those
of overground walking, it is important to compare the modu-
lation of ankle impedance in these two conditions.
As a limitation of this study, the analysis methods pre-
sented do not attempt to separate intrinsic and reflex com-
ponents of joint impedance. However, it is presumed that
impedance measurements by both systems are dominated by
the intrinsic components of the ankle joint, supported by the
time course of short latency reflexes that occur approximately
40 ms following the onset of an imposed movement [41], [42]
and an additional 60 ms delay in subsequent force produc-
tion [43], [44]. It was also demonstrated that the influence of
random perturbations by the Anklebot on muscle activity is
small; the change of muscle activation due to perturbations
was less than 0.5% MVC of each of the major ankle mus-
cles [22]. Together, it is presumed that reflex contribution to
ankle impedance measurements is minimal in this study.
This study lays the groundwork for various future studies.
The current results are limited to the characterization of ankle
impedance in the dorsi-plantarflexion direction. We plan to
expand this work and measure healthy young subjects’ ankle
mechanical impedance in all 2-D directions during walking,
including dorsi-plantarflexion and inversion-eversion direc-
tions. We will employ the Anklebot described above and
the MIT-Skywalker [45] or a new multi-axis robotic plat-
form [46] during stance to implement in 2-D what the Per-
turberator Robot did in 1-D. In addition, it is possible to
extend the current study to characterize ankle impedance in
different walking conditions, such as walking in different
speeds and slopes.
ACKNOWLEDGMENT
(Hyunglae Lee and Elliott Rouse contributed equally to this
work.)
REFERENCES
[1] J. Won and N. Hogan, ‘‘Stability properties of human reaching move-
ments,’’ Experim. Brain Res., vol. 107, no. 1, pp. 125–136, Nov. 1995.
[2] E. Burdet, R. Osu, D. W. Franklin, T. E. Milner, and M. Kawato, ‘‘The
central nervous system stabilizes unstable dynamics by learning optimal
impedance,’’ Nature, vol. 414, pp. 446–449, Nov. 2001.
[3] D. Gordon, E. Robertson, and D. A. Winter, ‘‘Mechanical energy gen-
eration, absorption and transfer amongst segments during walking,’’
J. Biomech., vol. 13, no. 10, pp. 845–854, 1980.
[4] J. J. Eng and D. A. Winter, ‘‘Kinetic analysis of the lower limbs dur-
ing walking: What information can be gained from a three-dimensional
model?’’ J. Biomech., vol. 28, no. 6, pp. 753–758, Jun. 1995.
[5] J. Perry, Gait Analysis: Normal and Pathological Function.
Thorofare, NJ, USA: Slack Inc., 1992.
[6] R. R. Neptune, S. A. Kautz, and F. E. Zajac, ‘‘Contributions of the indi-
vidual ankle plantar flexors to support, forward progression and swing
initiation during walking,’’ J. Biomech., vol. 34, no. 11, pp. 1387–1398,
Nov. 2001.
[7] J. S. Gottschall and R. Kram, ‘‘Energy cost and muscular activity
required for propulsion during walking,’’ J. Appl. Physiol., vol. 94, no. 5,
pp. 1766–1772, May 2003.
[8] R. E. Kearney and I. W. Hunter, ‘‘System identification of human joint
dynamics,’’ Critical Rev. Biomed. Eng., vol. 18, no. 1, pp. 55–87, 1990.
[9] H. Lee, H. I. Krebs, and N. Hogan, ‘‘Multivariable dynamic ankle mechan-
ical impedance with relaxed muscles,’’ IEEE Trans. Neural Syst. Rehabil.
Eng., vol. 22, no. 6, pp. 1104–1114, Nov. 2014.
[10] H. Lee, H. I. Krebs, and N. Hogan, ‘‘Multivariable dynamic ankle mechan-
ical impedance with active muscles,’’ IEEE Trans. Neural Syst. Rehabil.
Eng., vol. 22, no. 5, pp. 971–981, Sep. 2014.
[11] A. Roy et al., ‘‘Robot-aided neurorehabilitation: A novel robot for ankle
rehabilitation,’’ IEEE Trans. Robot., vol. 25, no. 3, pp. 569–582, Jun. 2009.
[12] S. M. Zinder, K. P. Granata, D. A. Padua, and B. M. Gansneder, ‘‘Validity
and reliability of a new in vivo ankle stiffness measurement device,’’
J. Biomech., vol. 40, no. 2, pp. 463–467, 2007.
[13] M. Casadio, P. G. Morasso, and V. Sanguineti, ‘‘Direct measurement of
ankle stiffness during quiet standing: Implications for control modelling
and clinical application,’’ Gait Posture, vol. 21, no. 4, pp. 410–424,
Jun. 2005.
[14] I. D. Loram and M. Lakie, ‘‘Direct measurement of human ankle stiffness
during quiet standing: The intrinsic mechanical stiffness is insufficient for
stability,’’ J. Physiol., vol. 545, no. 3, pp. 1041–1053, Dec. 2002.
[15] J. B. MacNeil, R. E. Kearney, and I. W. Hunter, ‘‘Identification of time-
varying biological systems from ensemble data (joint dynamics appli-
cation),’’ IEEE Trans. Biomed. Eng., vol. 39, no. 12, pp. 1213–1225,
Dec. 1992.
[16] R. F. Kirsch and R. E. Kearney, ‘‘Identification of time-varying stiff-
ness dynamics of the human ankle joint during an imposed movement,’’
Experim. Brain Res., vol. 114, no. 1, pp. 71–85, Mar. 1997.
[17] M. Lortie and R. E. Kearney, ‘‘Identification of physiological systems:
Estimation of linear timevarying dynamicswith non-white inputs and noisy
outputs,’’Med. Biol. Eng. Comput., vol. 39, no. 3, pp. 381–390, May 2001.
[18] A. H. Hansen, D. S. Childress, S. C. Miff, S. A. Gard, and K. P. Mesplay,
‘‘The human ankle during walking: Implications for design of biomimetic
ankle prostheses,’’ J Biomech, vol. 37, pp. 1467–1474, Oct. 2004.
[19] E. J. Rouse, R. D. Gregg, L. J. Hargrove, and J. W. Sensinger,
‘‘The difference between stiffness and quasi-stiffness in the context of
biomechanical modeling,’’ IEEE Trans. Biomed. Eng., vol. 60, no. 2,
pp. 562–568, Feb. 2013.
[20] K. Shamaei, G. S. Sawicki, and A. M. Dollar, ‘‘Estimation of quasi-
stiffness and propulsive work of the human ankle in the stance phase of
walking,’’ PLoS One, vol. 8, no. 3, p. e59935, 2013.
[21] H. Lee and N. Hogan, ‘‘Essential considerations for design and control of
human-interactive robots,’’ in Proc. IEEE Int. Conf. Robot. Autom. (ICRA),
Stockholm, Sweden, May 2016, pp. 3069–3074.
[22] H. Lee and N. Hogan, ‘‘Time-varying ankle mechanical impedance during
human locomotion,’’ IEEE Trans. Neural Syst. Rehabil. Eng., vol. 23, no. 5,
pp. 755–764, Sep. 2016.
[23] E. J. Rouse, L. J. Hargrove, E. J. Perreault, and T. A. Kuiken, ‘‘Estimation
of human ankle impedance during the stance phase of walking,’’ IEEE
Trans. Neural Syst. Rehabil. Eng., vol. 22, no. 4, pp. 870–878, Jul. 2014.
[24] E. J. Rouse, L. J. Hargrove, E. J. Perreault,M.A. Peshkin, and T.A.Kuiken,
‘‘Development of a mechatronic platform and validation of methods for
estimating ankle stiffness during the stance phase of walking,’’ ASME
Trans. Biomech. Eng., vol. 135, no. 8, p. 081009, Jun. 2013.
[25] L. Ljung, System Identification. New Jersey, NJ, USA: Prentice Hall, 1999.
[26] H. Lee and N. Hogan, ‘‘Modeling dynamic ankle mechanical impedance in
relaxed muscle,’’ in Proc. ASME Dyn. Syst. Control Conf., 2011, pp. 1–6.
[27] I. W. Hunter and R. E. Kearney, ‘‘Dynamics of human ankle stiff-
ness: Variation with mean ankle torque,’’ J. Biomech., vol. 15, no. 10,
pp. 747–752, 1982.
[28] A. Roy, H. I. Krebs, C. T. Bever, L. W. Forrester, R. F. Macko, and
N. Hogan, ‘‘Measurement of passive ankle stiffness in subjects with
chronic hemiparesis using a novel ankle robot,’’ J. Neurophysiol., vol. 105,
no. 5, pp. 2132–2149, May 2011.
[29] D. P. Ferris, M. Louie, and C. T. Farley, ‘‘Running in the real world:
Adjusting leg stiffness for different surfaces,’’ Proc. Biol. Sci., vol. 265,
pp. 989–994, Jun. 1998.
2100407 VOLUME 4, 2016
Lee et al.: Summary of Human Ankle Mechanical Impedance During Walking
[30] E. J. Rouse, L. M. Mooney, and H. M. Herr, ‘‘Clutchable series-elastic
actuator: Implications for prosthetic knee design,’’ Int. J. Robot. Res.,
vol. 33, pp. 1611–1625, Nov. 2014.
[31] B. E. Lawson, J. Mitchell, D. Truex, A. Shultz, E. Ledoux, and
M. Goldfarb, ‘‘A robotic leg prosthesis: Design, control, and implemen-
tation,’’ IEEE Robot. Autom. Mag., vol. 21, no. 4, pp. 70–81, Dec. 2014.
[32] R. D. Gregg and J. W. Sensinger, ‘‘Towards biomimetic virtual constraint
control of a powered prosthetic leg,’’ IEEE Trans. Control Syst. Technol.,
vol. 22, no. 1, pp. 246–254, Jan. 2014.
[33] N. P. Fey, A. Simon, A. J. Young, and L. J. Hargrove, ‘‘Controlling knee
swing initiation and ankle plantarflexion with an active prosthesis on level
and inclined surfaces at variable walking speeds,’’ IEEE J. Transl. Eng.
Health Med., vol. 2, 2014, Art. no. 2100412.
[34] L. M. Mooney, C. H. Lai, and E. J. Rouse, ‘‘Design and characterization of
a biologically inspired quasi-passive prosthetic ankle-foot,’’ in Proc. Conf.
IEEE Eng. Med. Biol. Soc., Aug. 2014, pp. 1611–1617.
[35] H. Lee et al., ‘‘Static ankle impedance in stroke and multiple sclerosis:
A feasibility study,’’ in Proc. Annu. Int. Conf. IEEE Eng. Med. Biol.
Soc. (EMBC), Aug./Sep. 2011, pp. 8523–8526.
[36] L.W. Forrester, A. Roy, H. I. Krebs, and R. F. Macko, ‘‘Ankle training with
a robotic device improves hemiparetic gait after a stroke,’’ Neurorehabil.
Neural Repair, vol. 25, no. 4, pp. 369–377, 2010.
[37] H. I. Krebs et al., ‘‘Rehabilitation robotics: Performance-based progres-
sive robot-assisted therapy,’’ Autonom. Robot., vol. 15, no. 1, pp. 7–20,
Jul. 2003.
[38] L. A. Jones, ‘‘Perceptual constancy and the perceived magnitude of muscle
forces,’’ Exp. Brain Res., vol. 151, no. 2, pp. 197–203, Jul. 2003.
[39] I. Khanna, A. Roy, M. M. Rodgers, H. I. Krebs, R. M. Macko, and
L. W. Forrester, ‘‘Effects of unilateral robotic limb loading on gait char-
acteristics in subjects with chronic stroke,’’ J. Neuroeng. Rehabil., vol. 7,
p. 23, May 2010.
[40] J. Ochoa, D. Sternad, and N. Hogan, ‘‘Dynamic entrainment of human
walking to external mechanical perturbations,’’ in Proc. SfN’s 45th Annu.
Meeting , 2015.
[41] T. Sinkjaer, J. B. Andersen, and B. Larsen, ‘‘Soleus stretch reflex
modulation during gait in humans,’’ J. Neurophysiol., vol. 76, no. 2,
pp. 1112–1120, 1996.
[42] J. M. Finley, Y. Y. Dhaher, and E. J. Perreault, ‘‘Acceleration dependence
and task-specific modulation of short- and medium-latency reflexes in the
ankle extensors,’’ Physiol. Rep., vol. 1, p. e00051, Aug. 2013.
[43] P. R. Cavanagh and P. V. Komi, ‘‘Electromechanical delay in human
skeletal muscle under concentric and eccentric contractions,’’ Eur. J. Appl.
Physiol. Occupat. Physiol., vol. 42, no. 3, pp. 159–163, 1979.
[44] R. E. Kearney, R. B. Stein, and L. Parameswaran, ‘‘Identification of intrin-
sic and reflex contributions to human ankle stiffness dynamics,’’ IEEE
Trans. Biomed. Eng., vol. 44, no. 6, pp. 493–504, Jun. 1997.
[45] T. Susko and H. I. Krebs, ‘‘ MIT-Skywalker: A novel environment for
neural gait rehabilitation,’’ in Proc. IEEE RAS EMBS Int. Conf. Biomed.
Robot. Biomechatron., Aug. 2014, pp. 677–682.
[46] V. Nalam and H. Lee, ‘‘Development of a multiple axis robotic platform
for ankle studies,’’ in Proc. ASME Dyn. Syst. Control Conf., 2016, pp. 1–6.
HYUNGLAE LEE (M’13) received the
B.S. (summa cum laude) and M.S. degrees in
mechanical engineering from Seoul National Uni-
versity, Seoul, in 2002 and 2004, respectively,
and the Ph.D. degree in mechanical engineering
with the Massachusetts Institute of Technology
in 2013. He is an Assistant Professor with the
School for Engineering of Matter, Transport, and
Energy, Arizona State University, and the Director
of Neuromuscular Control and Human Robotics
Laboratory. He worked as a Post-Doctoral Fellow with the Sensory Motor
Performance Program, Rehabilitation Institute of Chicago (RIC). He also
worked at the Korea Institute of Science and Technology from 2006 to 2008
and LG Electronics from 2004 to 2006 as a Researcher in the field of human–
computer interaction, human–robot interaction, and mechanical design.
His current research interest includes physical human–robot interaction,
rehabilitation robotics, and neuromotor control. He is a recipient of Sam-
sung Scholarship and has been awarded the 2014 Sarah Baskin Award for
Excellence in Research (first place) from RIC.
ELLIOTT J. ROUSE (S’10–M’12) received the
B.S. degree in mechanical engineering from The
Ohio State University, Columbus, OH, USA, in
2007, the M.S. and Ph.D. degrees in biomed-
ical engineering from Northwestern University,
Evanston, IL, USA, in 2009 and 2012. Subse-
quently, he joined the Massachusetts Institute of
Technology (MIT), Cambridge, MA USA, where
he was a Post-Doctoral Fellowwith the Biomecha-
tronics Group, MIT Media Lab, until 2014. He is
an Assistant Professor with the Department of Physical Medicine and Reha-
bilitation, Northwestern University, with appointments in the Department
of Mechanical Engineering and Department of Biomedical Engineering,
Northwestern University. He directs the Neurobionics Lab in the Center for
Bionic Medicine at the Rehabilitation Institute of Chicago, Chicago, IL,
USA. His current research focuses on understanding locomotion through
the lens of system dynamics and control and how pathology affects these
dynamics. The goal of this understanding is to develop a new class of wear-
able robotic technologies that impact the lives of the disabled. Applications
include robotic prostheses, exoskeletons, and technologies that augment
human motor performance. He serves as an Associate Editor for the journal
Assistive Technology.
HERMANO IGO KREBS (F’14) joined the
Mechanical Engineering Department, Mas-
sachusetts Institute of Technology, in 1997, where
he is a Principal Research Scientist and Lec-
turer with the Newman Laboratory for Biome-
chanics and Human Rehabilitation. He also holds
an affiliate position as an Adjunct Professor at
Department of Neurology, University of Maryland
School of Medicine, and as a Visiting Professor at
the Department of Physical Medicine and Reha-
bilitation, Fujita Health University; Institute of Neuroscience, Newcastle
University; and Department of Mechanical Science and Bioengineering,
Osaka University. He is one of the Founders and Chairman of the Board
of Directors of Interactive Motion Technologies, a Massachusetts-based
company commercializing robot technology for rehabilitation. He was nom-
inated by two of the IEEE societies: the IEEE Engineering in Medicine and
Biology Society and the IEEE Robotics and Automation Society to this dis-
tinguished engineering status for contributions to rehabilitation robotics and
the understanding of neuro-rehabilitation. He has published and presented
extensively on rehabilitation robotics. His work goes beyond Stroke and has
been extended to Cerebral Palsy for which he received The 2009 Isabelle
and Leonard H. Goldenson Technology and Rehabilitation Award, from the
Cerebral Palsy International Research Foundation. In 2015, he received the
IEEE-INABA Technical Award for Innovation leading to Production for
contributions to medical technology innovation and translation into com-
mercial applications for Rehabilitation Robotics. His goal is to revolutionize
the way rehabilitation medicine is practiced today by applying robotics and
information technology to assist, enhance, and quantify rehabilitation.
VOLUME 4, 2016 2100407
